Abstract: Traditionally, models for neural dynamics in the brain have been formed through research conducted on slices, with electrodes, or by lesions to functional areas. Recent developments in functional dyes and optogenetics has made brain research more accessible through the use of light. However, this improved accessibility does not necessarily apply to deep regions of the brain which are surrounded by scattering tissue. In this article we give an overview of some of the latest methods in development for neural measurement and imaging. We speci cally address methods designed to overcome the problem of imaging invivo for regions far beyond the mean free path of photons in brain tissue. These methods would permit previously restricted neural research.
Introduction
To motivate the use of light in neuroscience, consider the striatum of a mouse, a 1.5 mm wide nucleus among the basal ganglia. It has been known for its role in the coordination of motor control, neural reward and punishment, and learning since the 1800s [1, 2] . Disorders, such as Parkinson's disease, motivated much research into the function of this nucleus over the last two centuries. Early research, however, was conducted by lesioning the stria-tum and produced con icting results; some reported uninhibited movement in which an animal would run uncontrollably [3] , while others reported that the lesions had little e ect or even reduced movement [4] . In the 1980's a new model grounded on anatomy and clinical speculation suggested the existence of two output pathways from the striatum; one for stimulating desired movement and another inhibiting undesired movement [5] . These pathways, named the direct and indirect pathways respectively, are di cult to observe separately for two reasons: (i) they exist at the same place within the striatum making the neurons di cult to physically separate [6] and (ii) the electrophysiological characteristics are indistinguishable, thereby making electrode measurements ambiguous [5] . The pathways can, however, be distinguished genetically. Direct pathway neurons (D1 neurons) and indirect pathway neurons (D2 neurons) express the dopamine receptors Drd1 and Drd2, respectively. Due to the opposing e ects of these receptors, they exist almost exclusively in their own pathway with only ∼5% of striatal neurons expressing both [5] . Speci c targeting of these pathways can, therefore, be achieved by engineering a virus with the genetic code of a desired indicator protein such that it will only infect cells expressing the gene for either Drd1 or Drd2. GCaMP, a protein uorescing green in the presence of calcium, thereby indicating cell activity, was rst used to virally target speci c cells of mice in 2004 [7] . The following year, a similar method was used with Channelrhodopsin-2 (ChR2)-a cation channel which allows for light-mediated neural stimulation -in transgenic mice [8] . Hence, an alloptical means for directly stimulating and monitoring neural activity in targeted cells is now possible. The problem which remains is that of bringing light to the target areas in a manner suitable for stimulation and imaging.
Challenges in Traditional Microscopy
The greatest hindrance to e ective deep tissue imaging is light scattering. The distance travelled by a non-interacting (ballistic) photon can be explained by BeerLambert exponential decay [9] P(z) = e −µs z ,
where z is the distance along the optical axis and P(z) is the proportion of incident photons which are ballistic at z. The mean free path (MFP) is the reciprocal of the scattering coe cient, µs. Anisotropic Mie scattering¹ caused by cellular organelles dominates in biological tissue [10] . Scattering heavily favours the forward direction and the anisotropy can be quanti ed by a dimensionless parameter, g. A typical value for g in tissues is 0.9 [9, [11] [12] [13] . The reduced scattering coe cient, µ ′ s , takes this large anisotropy into account and is de ned as µ ′ s = µs( − g). The transport mean free path (TMFP), de ned as /µ ′ s , is the average distance a photon can travel into a material while maintaining some correlation to its original trajectory [14] . Beyond this length the majority of photons can be considered to be di use. Figure 1 shows such anisotropic scattering in tissue along the optical axis. Jacques [13] summarised data collected from 56 sources to estimate µ ′ s in biological tissue using a model for wavelength-dependent Mie scattering such that
where λ is the vacuum wavelength in nanometres. For brain tissue, the constants a and b are 24.2 cm − and 1.611, respectively. The model is valid for wavelengths in the range 400-1300 nm. In an ideal imaging system all excitation photons would be ballistic which would limit most imaging to 1 Mie regime: scattering particles are the same order of magnitude as the wavelength, λ. depths within one MFP. For 488 nm, the excitation wavelength for GCaMP, Equation 2 gives an estimated MFP of 40 µm with some indication that this value diminishes with the age of the animal used [15] . Large anisotropy means that the distortion to the point spread function (PSF) would not be signi cant just beyond the MFP; hence, with deconvolution, or if some resolution loss can be tolerated, epi uorescence microscopy could extend as far as 50-100 µm into brain tissue [16, 17] . Confocal microscopy allows for an increase in depth without signi cant loss of resolution as the scattered photons are rejected by an imaging pinhole. Since only ballistic photons contribute to the image, the signal decreases exponentially with penetration depth in accordance with Equation 1. This can be remedied by increasing the input power with depth. For cellular resolution, the depth can be extended to approximately 250 µm before multiple scattering events render the pinhole ine ective [11] .
A more subtle problem that must be considered when using this technique is the amount of light incident on the sample. For live cell imaging, the illumination power must be limited to prevent cell damage [18] . Most photons in deep confocal microscopy are completely rejected meaning that large illumination powers are required. For an anisotropy parameter of 0.9 at half the TMFP only 0.7% of photons are ballistic and, therefore, contribute to the image. Reports suggest that a localised high intensity, rather than a high total photon dose, is the cause of cellular damage [19] [20] [21] . Light sheet microscopy accounts for this by using a cylindrical lens to illuminate a single plane at the object. Illumination is aligned perpendicularly to the imaging axis. This method allows for fast acquisition, as it is scanner free, and optical sectioning, since only the imaging plane is illuminated. Light sheet phototoxicity is so low that it is reported to be e ective at imaging live cells during anaphase of mitosis, a highly light-sensitive period of the cell life cycle [19] . The cumbersomeness of requiring perpendicular objectives for this technique was mitigated by Bouchard et al. [22] who describe a method in which a single objective is used for both excitation and imaging of in-vivo brain tissue, see Figure 2 . This method, known as swept confocally-aligned planar excitation (SCAPE) microscopy, ful ls many requirements for in-vivo imaging, yet the maximum depth possible is no greater than traditional confocal microscopy, with Bouchard et al. reporting a depth of 140 µm [22] .
Two-photon uorescence (2P) is currently the leading technique for deep, non-invasive imaging. It requires the use of lower energy wavelengths since it depends on the simultaneous (within ∼1 fs) absorption of more than one photon by a uorophore. As this is very unlikely, the exci- tation must be focussed tightly in space as well as in time with transform limited pulses. The typical enhancement achieved in 2P uorescence by using a pulsed laser instead of a continuous wave laser is around 10 [9] . This method has a similar PSF to that for confocal microscopy, which is the square of the epi uorescence PSF and, as in the confocal system, only ballistic photons contribute to the signal. The nonlinear absorption makes out-of-focus uorescence very improbable. Furthermore, the low absorption of near infra-red (NIR) light in tissue signi cantly reduces phototoxicity. Yet limitations exist. The emitted photons have visible wavelengths and, for typical 2P imaging depths, undergo multiple scattering events on their path to the detector. At the surface of the tissue these photons are di use and have a broad intensity distribution with a full-widthat-half-maximum (FWHM) 3/2 times the imaging depth regardless of the MFP [9] . As the depth increases, a larger portion of uorescence falls outside the reach of the collection optics. Increasing power to combat scattering at depth eventually leads to surface and out-of-focus uorescence. Furthermore, the increased depth reduces the numerical aperture (NA) rapidly since the outer regions of the focussing cone of light scatter more [24] . For imaging cells, the largest reported depths in the brain are around 1 mm [25] [26] [27] . This technique greatly facilitated in-vivo cortical research in both behaving and anaesthetized animals with surgically-mounted skull windows [9, 28, 29, 29, 30] . This method, however, does not reach the basal ganglia and, for this reason, we turn our attention to implanted devices.
Constraints on Problem
The methods discussed above outline the motivations behind-and short comings of-using light for deep-brain research. While strides have been made in deeper noninvasive imaging, the need for an implanted device remains clear. Although the implanted technologies discussed in the following sections are not speci cally designed for imaging the striatum, we discuss them with reference to the problem outlined in the Introduction. We do this as the chosen problem presents us with a rather complete set of criteria against which an imaging technique can be critiqued. The depth, ∼3 mm, is beyond any imaging modality available. The required resolution is sub-cellular for the identi cation of speci c cell types and structures. For calcium transients to be distinguishable, a temporal resolution of ∼10 Hz is required. For live cells, the intensity delivered to the tissue must be in the range of 10 Wcm − [19] . Gliosis expected around the tip of the implant requires a working distance greater than 5 µm [31] and, hence, a method for selecting a focal plane. The size of the implant must be small to minimise damage. Cortical blood vessels could have spacings as small as 200 µm [32] . Some sources claim probes larger than ∼300 µm could have detrimental e ects on the mice [33] . Finally, since we are observing a nucleus largely responsible for coordinating movement, a exible probe is preferred.
Fibre Probes and Endoscopes . Electrodes and Photometry
Although we primarily discuss the exclusive use of optics in monitoring and stimulating neural activity, electrophysiological methods have been used in monitoring cells which can only be separated genetically. Kravitz and Kreitzer [35] described a procedure in which electrodes monitored the electrical activity of a few D1 and D2 neurons. The neurons in a speci c pathway were targeted with ChR2 making them excitable under 480 nm light. The recordings made by the electrodes while the light was o could be correlated to those made during optical stimulation, giving some idea of whether the cell being recorded was D1 or D2. The combined optical bre and electrodes system had a total cross-sectional diameter of just over 125 µm. This method, though clever and minimally invasive, lacks spatial information of the cells and cannot be performed with passive observation. The viral targeting and monitoring of speci c neural cells in mice has since been ex- tended to a purely optical endeavour. Chronic multimode bre implants collect uorescence from calcium indicators, such as GCaMP, which are expressed in the targeted cells as shown in Figure 3 . The mice are free to move while the cell activity is recorded, thereby allowing for the correlation of activity in a given pathway with the actions of the mice [34, 36, 37] . Implanted bres have also been used in stimulating ChR2-expressing neurons causing a notable change in the behaviour of the animal [37] . The bene t of the purely optical probes over electrodes is that they allow for direct passive measurement of many cells of a speci c pathway or type. This is done at the expense of some spatial information and temporal resolution o ered by electrode arrays. The method has also been extended to measure the spectrum as well as the intensity from the collection bre. It was shown in 2014 that it could be used in Förster resonance energy transfer (FRET) microscopy [38] .
. Implanted Lenses
The above methods present alternatives to imaging in order to satisfy the size constraints, yet developments in endoscopy over the past decade have all but met these tight constraints for in-vivo imaging. Traditionally, rigid Hopkins endoscopes comprising of a series of microlenses arranged in a thin tube were used. These were shown to be effective in confocal and structured illumination endoscopy [39] , but the rigid body and large diameters of 1-3 mm made them unsuitable for in-vivo brain imaging. Graded index (GRIN) lenses somewhat remedied the size problem. Rather than refracting light through a curved surface, rodshaped, GRIN lenses have a radially varying refractive index. Used as chronic implants, these lenses would enable optical access to deep brain structures, but would initially require that the animals remain stationary. The GRIN setups were shown to be e ective with fast wide-eld, high resolution two-photon uorescence, and super resolution single photon microscopy [15, [40] [41] [42] [43] . To allow for movement of the animal, in recent years miniaturised, headmounted microscopes, as shown in Figure 4 , have been developed. Betley et al. reported on the use of a 0.5 mm GRIN lens with a head-mounted microscope for deep brain uorescence imaging in the arcuate nucleus (ARC) [44] . To do this, a 0.6 mm diameter cylindrical portion was rst carved out of the brain above the ARC to minimise compression by the chronic lens. This method ful ls many requirements in neural imaging yet there are still some drawbacks. Aberrations in the GRIN lenses mean that cell resolution imaging is often restricted to the central portion of the lens, hence making the impact on the mouse larger than it need be. Furthermore, since images are transmitted from a headmounted camera, light access to the brain for stimulation or other imaging techniques is impeded.
. Single-Mode Optical Fibres
When measuring uorescence or re ected intensity, a single-mode bre (SMF) can only transfer one image pixel value at a time, yet it is not uncommon for an imaging technique to use such a concept. Scanning confocal microscopy, for example, does exactly that as each point at the object is scanned individually. Additionally, the small core sizes of single-mode bres makes them e ective pin holes and they have been used for bre-based confocal microscopy. This has been shown by scanning the SMF relative to the optical axis itself [48] and by de ecting the SMF output beam by means of piezoelectric de ectors [49] . The drawback to these methods is the requirement for scanning equipment, leading to bulky assemblies at the object end of the bre.
An alternative method for SMF endoscopy is to encode the spatial information spectrally, thereby increasing the bandwidth. In this method, broadband light coupled into an SMF at the proximal end is expanded and focussed onto a grating etched at the distal end. The light is di racted by the grating and forms a line of illumination at the ob- ject. Since di raction angles are wavelength-dependent, the spatial information of the object is encoded in the illumination spectrum. Re ected light is gathered and measured in a spectrometer. To scan the line across the sample the bre is rotated. This technique has been used alongside a Michelson interferometer in order to extract depth information from a sample in a similar way to optical coherence tomography (OCT) [45] . It has also been demonstrated to work with a random scattering medium in place of a di raction grating -thereby eliminating the need for scanning [50] -and in uorescent microscopy [46] .
In the case of uorescence imaging, the resolution was somewhat poor as the number of points which can be resolved in a line is directly proportional to the bandwidth being imaged. In the re ection case, the illumination bandwidth was 250 nm, whereas green uorescent protein (GFP) emission has a typical FWHM of ∼56 nm [51] . Figure 5 summarises spectrally encoded endoscopy (SEE). Fluorescent SEE has been reported to have a low collection e ciency which, when coupled to the low intensity emission of labelled cells, caused the method to become slow requiring dwell times of up to 500 ms per line [46] . Furthermore, the number of resolvable points on a single line in this method depends on the diameter of the collecting aperture, which is restricted in bre endoscopy. Spectral encoding itself, however, could be used for fast high resolution imaging in the re ection regime as demonstrated by Goda et al. where micrometre resolution was imaged at an astounding frame rate of 6.1 MHz [52] . Their method is yet to be realised in bres or uorescent microscopy. 
. Double-Clad Fibres
Double-clad bres (DCF) are advantageous in imaging as they can o er both a narrow single-mode excitation beam through the inner core and a high NA collection objective through the outer core. They are used in much the same way as the single-mode bres. Both bres can be used in spectral encoding [53] , and with microelectromechanical systems (MEMS) for scanning excitation [47] . Figure 6 shows a schematic of a two-photon exible endoscope. The laser pulse is negatively chirped to compensate for chromatic dispersion in the core of a DCF. The excitation beam is scanned in a spiral pattern by a piezoelectric de ector and uorescence is captured in the outer core. This method is reported to image a eld of view of 475 µm × 475 µm at more than 20 Hz. Since it is a twophoton excitation process, it o ers optical sectioning and the resolution is high enough for sub-cellular imaging. It has also been shown that such an endoscope can be used in trapping and particle manipulation [54] . Two-photon endoscopes have also been developed in hollow core photonic crystal bres [55] . Since the excitation beam travels through air in the core, dispersion e ects are minimal and no prechirping is required. This allows for a user-selected excitation wavelength without the need to change the setup. The drawback of these methods is that the focussing and scanning optics at the end of the bre make it too large for in-vivo experiments in sensitive areas such as the brain.
. Fibre Bundles
Traditional exible endoscopes make use of bre bundles where each core in the bundle acts as an independent pixel. The main criticism of bre bundles is their limited spatial resolution, which is dictated by the inter-core spacing. The inter-core spacing is in turn limited by the need to minimise cross talk. The bene t of the bundles, however, exists in their ability to be used independently of scanning optics allowing for fast image acquisition. To remedy the low resolution of the bre, Ozbay et al. [56] described a setup in which a non-implanted electrowetting lens, used for selecting the imaging plane, was used in conjunction with an implanted 1 mm diameter GRIN lens at the distal tip of the bre. This served to demagnify the core spacing and provided a sub-cellular resolution. To correct for aberrations, the proximal end of the bre was imaged with a confocal microscope. A similar technique employed a micro-mirror array instead of a pinhole which allowed wide eld, structured illumination, and single and multipoint confocal microscopy [57] . In addition to this, a separate laser, for ChR2 activation, illuminated a liquid crystal spatial light modulator (SLM) used to generate phase masks in a plane conjugate to the Fourier plane of thebre input. This allowed for the generation of arbitrary intensity patterns on the input face which can then be delivered through the bre to the targeted neurons. The method was implemented with a micro-objective too large for implantation. The bre system was, therefore, head mounted and imaging depths were shallow.
A common method for axially resolved images inbre bundles is structured illumination microscopy (SIM). SIM does not require scanning of many points, giving it an edge over confocal microscopy in terms of speed. It also allows for the rejection of out-of-focus light by illuminating with a series of spatially modulated patterns, leading to uniform illumination when out of focus. The in-focus portion of the uorescence can then be determined from the modulated signal, whereas the unmodulated uorescence can be rejected [58] . SIM is low in phototoxicity compared to scanning methods, as the light is distributed over the image plane [59] . Ford et al. [60] and Bozinovic et al. [61] both describe the use of this method in bre bundles. These require further image processing when compared to conventional SIM, as the quasi-honeycomb structures of the core play a role in limiting the resolution and modulating both the excitation pattern and the collected image, see Figure 7 (e). Both of the processing methods ultimately obtain a lateral resolution of 2.6 µm, near the Nyquist limit of the bre as dictated by the cores and the micro-objective used.
Light sheet microscopy is another method demonstrated in a bre bundle setup by Engelbrecht et al. [62] . A custom-made, cylindrical GRIN lens (cGRIN) is coupled to an SMF transmitting the excitation beam. The beam is reected at the tip of the cGRIN by a prism, so that the excitation plane is perpendicular to its axis. Fluorescence is captured by a second GRIN lens running parallel to the cGRIN. This is summarised in Figure 7 . Light sheet microscopy is fast, optically-sectioned, and among the lowest in terms of phototoxicity, yet this setup, though miniaturised, remains large for in-vivo research. Engelbrecht et al. reported the need to cut a small wedge out of the brain for imaging.
The smallest, commercially-available bundles are in fact only 160 µm in diameter with ∼1600 cores. However, large distal optics are often necessary for both selecting an imaging plane away from the tissue damaging tip, and to enhance resolution by demagnifying the inter-core spacing. Methods have been demonstrated for lensless holographic imaging through bre bundles which would also encode depth information of the tissue [63] . This does, however, require some bre tip modi cation to provide a reference beam for holography. It also does not address the low resolution problem. Other lensless methods in bre bundles stem from imaging techniques which use speckle correlation to reconstruct an object [64] . This hinges on the fact that an autocorrelation of a random speckle pattern is a sharply peaked function, thereby allowing the object autocorrelation to be well approximated by that of the image [65] . This was recently extended to near di raction-limited resolution in lensless bundle endoscopy and could prove a valuable technique since it is also bend insensitive [64] .
. Multimode Fibres
A multimode bre (MMF) has the capacity to couple light to several orthogonal modes making it suitable for fast parallel communication. The bandwidth of such a bre could be up to two orders of magnitude greater than a bundle of comparable size [68] . Studies of propagation of light through scattering media have paved the way for the use of MMFs in imaging. In a scattering medium, a focussed spot is distorted spatially in amplitude and phase. At imaging intensities the distortion is, however, considered to be a linear process and can be reversed. An SLM can be used to apply an arbitrary phase and amplitude modulation to an input beam and, hence, provide the necessary light eld to recover a di raction-limited focus behind a scattering medium [69, 70] . For imaging, the acquisition of a complex-valued transmission matrix is needed. This maps each of the orthogonal input modes to each output mode behind the scattering medium [71] . Once the transmission matrix is known for a set of input and output modes an image can be reconstructed [72] . An MMF could be treated much like a scattering medium. An arbitrary light eld impinging on the proximal end could be expressed as a superposition of bre eigenmodes. These modes travel through the bre with di erent propagation constants, giving a speckle pattern at the distal end that di ers greatly from the eld at the proximal face [73] .
The imaging performed by Choi et al., outlined in Figure 8 , uses a speckle basis to measure the transmission matrix and reconstruct images [66] . Although this is convenient, it relies on the measurement of a complex valued speckle pattern at the proximal end of the bre. For incoherent samples with a broad emission, the speckle pattern is suppressed [74] . This is the case for uorescence emission. One solution was to use a bucket sensor to collect all uorescence for each given speckle intensity pattern [75] . This method does not have a de ned focal plane and is, therefore, demonstrated only for thin samples. With the use of an SLM, however, a series of phase masks could be chosen for imaging such that the focal point at the distal end of the bre is scanned over the object [76] [77] [78] [79] . Resolution was improved in this scanned-point method by correlating the re ected light eld from a given point at the object with the SLM mask required to generate that point [67, 80] . This is, in essence, confocal microscopy, but so far has only been demonstrated in the re ection regime, see Figure 9 . Further resolution enhancements saw the use of modi ed bre tips for an increased NA [81] .
One key di culty with these methods is the acquisition speed. If we consider our example problem, an image rate of 10 Hz is required for calcium transients; however, low refresh rates of SLMs (20-100 Hz) mean that images could require as long as four minutes in acquisition time [67] . To overcome this Čižmár et al. reported the use of an SLM to generate many phase masks distributed spatially in the Fourier plane of the SLM. The masks were then scanned through with a fast acousto-optic de ector (AOD) [82, 83] , see Figure 10 . They reported 5.4 Hz imaging of a × pixel image with an SLM [82] . Computational methods exploiting the sparsity and quasi-sparsity in the image spectrum have been used in reconstruction of under sampled images where time constraints limited extra recordings [84] . This was done both for suppression of noise [85] and in cases where extra measurements were not physically possible [86] . Enhancement of temporal resolution is also demonstrated with the use of digital micromirror devices (DMDs), which have refresh rates on the order of 20 kHz. DMDs, although only o ering binary amplitude modulation, were shown to be e ective at focussing and imaging through scattering media [87, 88] . DMDs have also been used in pixelation-free imaging through bre bundles [89] . Further advancements in MMF microscopy followed common techniques used in out-of-bre setups. Plöschner et al. described a method by which the use of Bessel beams at the bre output could be used in light sheet microscopy [90] . Although this is yet to be realised in a bre-only endoscope, it has a great advantage in imaging live cells as light sheet methods have very low phototoxicity [19] . Steps towards two-photon imaging have also been made despite considerable challenges, as not only does the light su er from modal dispersion, it has also been shown that, for broadband sources, the transmission matrix is wavelength dependent [91] . The modal dispersion can be compensated for with an SLM in graded index bres over long distances by minimising power in higher order modes [92] . MoralesDelgado et al. [93] demonstrated spatial and temporal focussing of a 500 fs pulse of light through a step indexbre recently. They did so by selecting mode groups with similar phase velocities, thereby minimising modal dispersion. The modes within these groups were then modulated by the SLM to produce the spatially-focussed spot shown in Figure 11 . Carpenter et al. observed Eisenbud-WignerSmith states in graded index bres [94] . These states are the eigenstates of the delay operator of the bre and, as such, exhibit the same temporal pro le at the input and output. Since the eigenstates form an orthogonal basis it has been suggested that they could be used in imaging [95] . Further modi cations to two-photon bre-scopes involved undertaking phase conjugation through a bre bundle [96] . Each core in the bundle carries a few modes and these could be later separated with a coherence gating. Using only the fundamental modes in each core e ectively suppressed modal dispersion.
One of the biggest setbacks of using a multimodebre probe for in-vivo imaging is the sensitivity to bending. Changes in the bre shape quickly lead to mode scrambling and the focus point is lost [82, 97, 98] . Plöschner et al. formed a theoretical transmission matrix for short segments of step index bre with corrections for dopant di usion and refractive index changes due to internal stresses arising from bending the bre [97] . They were able to calculate a theoretical deformation operator (DO) which described how the transmission matrix would change under a given small deformation. This implies that, in future applications of multimode endoscopy, the change in shape could be corrected for if it can be accurately monitored. The DO is applicable over the whole bre face so that arbitrary holograms projected with the DO correction will be displayed accurately at the bre output. This is in contrast to the method presented by Caravaca-Aguirre et al. [98] who used a eld programmable gate array (FPGA) feedback mechanism to optimise a DMD mask for a single point intensity. The FPGA means this is done very quickly in the span of 37 ms, yet the method su ers two drawbacks: (i) it requires feedback from a distal end photodiode and (ii) it only corrects for a single point at the output. The use of a partially re ective coating on the distal end of thebre has been suggested for dynamic updating of the bre transmission matrix [99] . A similar method was employed by Farahi et al. who used a holographic guide star to determine the bre conformation and a database of SLM masks for correction [100] . Recently, however, it has been demonstrated that phase conjugation in bre bundles exhibits some bend insensitivity [101] . A bend in the bre causes a phase di erence between the cores and, hence, moves the focal point at the distal end. For small to moderate bends, the focus is not destroyed as mode mixing within eachbre core is minimal, giving this technique some promise. The methods incorporating MMFs in this section easily fulll the size and spatial resolution constraints of our problem but struggle when it comes to exibility and temporal resolution. Although e orts have been made in overcoming limitations of MMF endoscopes there are still more avenues to be explored. 
Conclusion
We have given a brief overview of many existing and emerging technologies which enable deep brain imaging and neuronal measurement. The example problem posed presents considerably challenging obstacles pertinent to this eld of research. Since striatal research is very sensitive to cortical damage our attention was largely directed at lensless bre techniques. These methods can o er very thin probes while maintaining a large transmission bandwidth. Yet, in spite of their advantages, they have their short comings: multimode bre methods su er in exibility while bre bundles o er low resolution or often end up requiring distal optics. No single solution ful ls all criteria and the expected success of these methods is largely dependent on what the user is willing to sacri ce. We therefore hope, through this problem, to motivate further development of minimally invasive probes and encourage the reader to use this review as a starting point to investigate more into this exciting topic.
